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5 Introduction

The early detection of breast cancer reduces patient mortality. The most common method of
 breast cancer detection is palpation. However, lesions that lie deep within the breast are dif-
ficult to palpate when they are small.Thus, a method of Remote Palpation, which may allow
the detection of small lesions lying deep within the breast, is currently under investigation.
In this method, acoustic radiation force is used to apply localized (on the order of 2 mm?)
forces within tissue, and the resulting tissue displacements are mapped using ultrasonic cor-
relation based methods. An area that is stiffer than the surrounding medium distributes
the force, resulting in larger regions of displacement, and smaller maximum displacements.
The resulting displacement maps may be used to image tissue stiffness. In the first year of
support, we have developed a finite element model that predicts tissue displacement patterns
resulting from the application of acoustic radiation force. We have developed phantom tissue
fabrication facilities in order to design phantoms to validate the finite element model, and
we have developed pulsing sequences for our Elegra ultrasound scanner with which we have

performed initial validation experiments.

6 Body

We have developed a finite element model of Remote Palpation, with which we have deter-
mined the necessary acoustic parameters to generate detectable displacements in vivo. The
findings are summarized in Appendix 11.2, which is a preprint of a paper we have submitted
to Ultrasonic Imaging. This represents completion of items 1, 2, 3, and 5 listed under task
1 in the Statement of Work.

It was determined that experimental validation of the model requires investigation of phan-
toms with varying stiffnesses, and it was not practical to procure multiple phantoms. There-
fore, we have developed an ultrasound phantom fabrication facility in our laboratory. Using
validated recipes for ultrasonic elastography phantoms [1], we now have the capability to
design and build custom phantoms. We have access to a rheometer, which allows calibration
of the Young’s modulus of these phantoms. In addition, we are currently developing the
required experimental apparatus to calibrate the acoustic properties (i.e. absorption and
sound speed) of the phantoms. This phantom fabrication and calibration facility fulfills the




first item listed under task 2 in the Statement of Work.

An initial experimental pulse sequence for Remote Palpation implementation has been de-
veloped in accordance with the findings presented in Appendix 11.2. This sequence provides
a single focal location for the application of radiation force. First, a series of low intensity,
spatially distributed ’tracking lines’ are fired and stored for reference. Then a series of high
intensity ’pushing lines’ are fired along a single line of flight in the center of the tracking
lines. These pushing lines are fired for 10 milliseconds. Finally, another series of tracking
lines are fired. These tracking lines are interspersed with pushing lines, in order to avoid
relaxation of the tissue. This sequence is then repeated eleven times, and the data is stored
for off-line processing. This processing is performed using MATLAB. Each tracking line
is divided into sequential axial search regions, and the cross correlation between the refer-
ence lines and tracking lines is computed in order to determine the tissue motion in each
region. Correlation based methods are the accepted standard for tracking displacements in
sequential ultrasonic images [4, 3, 6]. This experimental implementation represents partial
completion of item 3, task 2 in the Statement of Work.

Figures 1 and 2 illustrate the first experimentally obtained Remote Palpation images. Fig-
ure 2 portrays the displacement through time at the focal point of the transducer. This
temporal response is consistent with that predicted by the simulations. Figure 1 illustrates
the displacement maps generated by implementing the above pulse sequence in a custom
designed 0.8 kPa phantom, which models normal breast tissue. The pattern is consistent
with those from the finite element model. Correlation with the simulation results is not
yet possible due to the lack of calibration of the acoustic properties of this phantom. We
have measured the intensities used during experimental implementation of Remote Palpa-
tion (item 2 under Task 2 in the statement of work). However, when using high pressure
amplitude pulses some challenges exist with respect to differences in nonlinear propagation
between water (where calibrated pressure measurements are made) and our phantoms. We
are working to overcome these challenges.

7 Key Research Accomplishments

1) Developed finite element model of radiation force induced tissue motion.

2) Performed parametric analysis of the effect of varying tissue and acoustic prop-

erties on tissue displacements.




3) Developed an initial experimental pulse sequence to implement Remote Palpation
using results from simulations as a guide.

4) Developed phantom fabrication facilities in order to design calibrated elastogra-
phy phantoms.

5) Built an elastography phantom of normal tissue, with a Young’s modulus of 0.8
kPa.

6) Measured the intensity fields generated by our Elegra ultrasound scanner when

using our experimental pulse sequence.

7) Implemented Remote Palpation on phantom, and generated displacement maps
consistent with the simulated results.

8 Reportable Outcomes

1) Paper submission to Ultrasonic Imaging, entitled: “A finite element model of
Remote Palpation of breast lesions using radiation force: factors affecting tissue

displacement.”

2) Presentation at the Twenty-third international symposium on ultrasonic imaging
and tissue characterization in Arlington, Va (May 28, 1998) entitled: “The use
of radiation force induced tissue displacements to image stiffness: a feasibility
study.”

3) Presentation at the 1999 IEEE International Ultrasonics symposium at Lake
Tahoe, NV (October 19, 1999) entitled: “Finite element analysis of radiation

force induced tissue motion.”

9 Conclusions

The clinical implications of the results obtained during the first year of support are promis-
ing. The simulations and initial experimental results appear to be consistent, and provide
the framework for the design of a Remote Palpation imaging system. For a clinically relevant
range of elastic moduli and lesion sizes, considerably different displacement patterns were
simulated. The simulations indicate that the acoustic intensity requirements for Remote
Palpation increase with tissue stiffness. Given the considerable variation in the reported




range of Young’s moduli for breast tissue [2, 5] it may be that a more powerful transducer is
required for clinical implementation. Displacements of up to 30 microns were observed ex-
perimentally in a fairly compliant homogeneous phantom (Young’s modulus of 0.8 kPa). The
results indicate that lesions as small as 5 mm in diameter could be detected using Remote
Palpation, which could have considerable clinical impact. Key issues requiring further inves-
tigation prior to clinical implementation include: thermal and power issues, development of

phantoms with lesions, and investigation of methods of information display.
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11 Appendices

11.1 Figures

0 msec 10 msec

Figure 1: Initial Remote Palpation displacement maps generated using a modified commer-
cial diagnostic ultrasound scanner (Elegra, Siemens Medical Systems, Ultrasound Group,
Issaquah, WA) and a tissue mimicking phantom. The transducer is at the top of each im-
age, and the different maps show changes in the displacement profile over time. The tissue
mimicking material had a stiffness of 0.8 kPa. These maps show a large displacement near
the focal region (20 mm on the y-axis). The scale for the displacements in microns, with 28
microns being the maximum displacement.
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Figure 2: Displacement through time at the focal point of the transducer. This temporal
response is consistent with that predicted by the simulations, in that there is a large initial
displacement within the first 10 milliseconds, and then the pattern asymptotes to a maximum
displacement. The slight ringing observed between 20 and 60 milliseconds suggests that the
phantom material is slightly under-damped, which was not observed in the simulations due
to the application of numerical damping.
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Abstract

The early detection of breast cancer reduces patient mortality. The most common method
of breast cancer detection is palpation. However, lesions that lie deep within the breast are
difficult to palpate when they are small. Thus, a method of Remote Palpation, which may
allow the detection of small lesions lying deep within the breast, is currently under investi-
gation. In this method, acoustic radiation force is used to apply localized (on the order of 2
mm?) forces within tissue, and the resulting tissue displacements are mapped using ultrasonic
correlation based methods. An area that is stiffer than the surrounding medium distributes
the force, resulting in larger regions of displacement, and smaller maximum displacements.

The resulting displacement maps may be used to image tissue stiffness.

A Finite Element Model (FEM) of acoustic remote palpation is presented in this paper.
Using this model, a parametric analysis of the affect of varying tissue and acoustic beam
characteristics on radiation force induced tissue displacements is performed. The results are
used to evaluate the resolution and contrast of acoustic remote palpation. The potential for
using a single diagnostic transducer to both generate radiation force and track the resulting
displacements is investigated.




Introduction

The early detection of breast cancer has been shown to significantly improve patient survival.
Present methods of breast cancer detection include screening mammography and palpation,
either by patient self-examination or clinical breast exam. Palpation relies on the manual
detection of differences in tissue stiffness between breast lesions and normal breast tissue.
The success of palpation is due to the fact that the elastic modulus (or Young’s modulus)
of malignant tumors is often an order of magnitude greater than that of normal breast
tissue [1, 2], i.e. cancerous lesions feel ‘harder’ or ‘stony’ as compared to normal breast

tissue.

This difference in Young’s moduli is the basis for the investigation of imaging modalities
that provide information about the stiffness of tissue. Traditionally, these have fallen into
two categories, 1) sonoelasticity, in which low frequency shear wave propagation is imaged
using Doppler methods, from which the elastic modulus (Young’s modulus) of tissue can be
estimated [3, 4, 5, 6, 7] and 2) elastography, in which local variations in tissue strain are
determined by measuring local displacements that occur during global tissue compression
[1, 8, 9]. A review of these methods is provided by Gao et. al. [10].

Recently, several authors have proposed the use of ultrasonic radiation force to remotely
characterize tissue stiffness [11, 12, 13, 14, 15]. These methods propose the use of radiation
force to displace tissue in a remote location, however they differ in the processing of the
resulting information. The method under investigation herein is called Remote Palpation.
In this method, acoustic radiation force is used to apply localized (on the order of 2 mm?)
forces within tissue, and the resulting tissue displacements are mapped using ultrasonic
correlation based methods. An area that is stiffer than the surrounding medium distributes
the force, resulting in larger regions of displacement, and smaller maximum displacements.
If a single diagnostic transducer can be used to both generate radiation force and track the
resulting displacements, Remote Palpation may have considerable clinical potential. This
would provide ease of clinical implementation, as well as allowing the correlation between

conventional B-mode images and Remote Palpation images.

The purpose of the work presented here is to investigate the potential for using acoustic
radiation force to characterize localized variations in tissue stiffness, and specifically to iden-
tify the limits of resolution and contrast for Remote Palpation. Finite Element Methods
(FEM) are used for this investigation, which allow the performance of a parametric analysis




of varying tissue and acoustic beam parameters. The parameters that are studied include:
acoustic beam intensity, transducer design and f-number, tissue stiffness, lesion size, and
lesion stiffness. These results will be used to guide the design of future Remote Palpation

experiments.
Background

Acoustic radiation force is a phenomenon associated with the propagation of acoustic waves
through a dissipative medium. It is caused by the energy density gradient that occurs in
the medium, arising either from absorption or reflection of the wave. This gradient results
in the application of a force in the direction of wave propagation [16]. In an absorbing
medium, and under plane wave assumptions, this force can be represented by the following
equation [16, 17, 18, 19]:

Wabsorved 2l

F=—"==—— (1)

where F is acoustic radiation force [kg/(s2cm?)], or [dynes/ (1000 cm?®)], Wpsorbea [Watts/(100
cm?)] is the power absorbed by the medium at a given point in space, ¢ [m/s] is the speed of

sound in the medium, o [m™!] is the absorption coefficient of the medium, and I [Watts/cm?]
is the temporal average intensity at a given point in space. Equation 1 provides a simple
relationship between the temporal average intensity of an acoustic beam, and the resulting
radiation force (which is in the form of a body force, or force per unit volume). A direct
relationship between F' and frequency is implied by the dependence on ¢, which increases
with frequency.

Equation 1 can be used to model radiation force fields associated with complex intensity field
geometries by computing or measuring the temporal average intensity at each point in a three
dimensional region of interest. The axial extent of most intensity fields is roughly dependent
upon transducer focal configuration, which is generally indicated by the transducer f-number:
z

frnumber = L (2)
where z is the acoustic focal length and D is the aperture width. Therefore, the trans-
ducer configurations under investigation herein are differentiated by f-number throughout
this paper. In referring to varying f-number transducers, the notation F/n is used, where
n is the number. For example, a transducer with an f-number of 2 is referred to as an F/2
configuration.

In order to determine the effect that a specific radiation force field will have on a given

2
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tissue type, one can solve the equations of motion under the appropriate initial conditions
and boundary conditions. The motion resulting from these force fields when applied to a
fluid contained within spherical boundaries has been successfully computed by numerically
solving the Navier-Stokes equations [20]. The work presented herein involves similar force
fields applied to elastic media.

Methods

The finite element model of Remote Palpation presented herein determines tissue displace-
ments resulting from the application of radiation force generated by various diagnostic trans-
ducer configurations. Model implementation is performed using a two step approach: first the
spatially distributed intensity field from a given transducer and set of transmit parameters
is determined and the associated radiation force field is computed using Equation 1. Second,
finite element methods are used to solve for the resulting tissue displacement patterns.

In order to determine the acoustic intensity field distribution associated with various diagnos-
tic transducer configurations that might be used in Remote Palpation (i.e. linear and multi-
row arrays with varying aperture widths), the temporal average intensity fields corresponding
to these transducers were modeled using FIELDII (http://www.it.dtu.dk/~jaj/field/) [21],
an acoustic field simulation software program. This program allows the accurate modeling
of intensity fields from arbitrarily shaped transducer arrays. Two transducers were modeled:
the Siemens 75L40 linear transducer (one row of elements, center frequency 7.2 MHz, ele-
ment height 5 mm, aperture width dependent upon the number of active elements; Siemens
Medical Systems, Ultrasound Group, Issaquah, WA), and a two-dimensional 8x128 element
custom diagnostic transducer developed for our research scanner (8 rows of elements, center
frequency 7.2 MHz, element height 1.45mm, aperture width determined by the number of
active elements in both dimensions; Tetrad Corp., Englewood CO). Throughout this paper,
these will be referred to as the linear transducer and the 2D transducer, respectively. The
simulated voltage used to excite each element was fixed; thus, for a given element size, when
more elements were excited, more energy was transmitted. Both transducers were focused
laterally at the location of their elevation focal point (which was determined by their lens).
The linear transducer had a fixed elevation f-number, and the lateral f-numbers were varied
between F/1 and F/3 by varying the number of active elements in the array. The 2D trans-
ducer was modeled using all of its elements (8x128), and thus had an F/2 elevation and F/1

lateral configuration.
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The intensity fields for each transducer configuration (or f-number) were computed in the
axial/lateral plane of the transducer, normalized, and discretized into three contours of
constant intensity (see Fig. 1). Once these contours and the desired boundaries were in
place, they were imported into a finite element mesh generation program (Hypermesh, Altair
Computing Inc., Troy, MI). The mesh was generated within this plane, and then rotated 90
degrees around its central axis, in order to achieve a three dimensional model (Fig. 2).
The model was constrained on the surface of the distal quarter of the hemisphere (opposite
the transducer location), thus modeling a breast resting on a concave platform. Because
the boundary conditions did not allow motion normal to the planar surfaces in Figure 2,
symmetry assumptions hold, and solution of this mesh simulates motion in one quarter of
the axi-symmetric three dimensional spherical model.

In order to determine the radiation force value to be applied within each intensity contour, the
normalized contours were scaled to a peak value of 90 W /cm? for the linear, F/1 transducer
configuration. Eq. (1) was then used, along with the tissue properties below, to convert the
regions of constant intensity to regions of constant body force. The resulting maximum body

force was 4882 dynes/cm3.

The tissue properties (o, ¢, po, and E) were selected to model realistic in vivo values. The
absorption coefficient of breast tissue was .415 cm™!, or 3.6 dB cm™! (recall that the center
frequency was 7.2 MHz). The speed of sound was 1530 m s, the density of tissue was
1000 kg m~3, and the Young’s modulus was 10 kPa. When lesions of varying stiffness were
introduced, the Young’s moduli ranged from 1 to 400 kPa, which is within the potential
range of normal and diseased breast tissue [1, 2, 22]. The tissue was assumed to be elastic.

The equations of motion were then solved numerically using LS-DYNA (Livermore Software
Technology Corporation, Livermore, CA). Radiation force was applied using a ramp and
hold function, where the ramp up to the maximum force value was linear, occurring over
2 milliseconds, and the force was then applied continuously for 40 milliseconds. Numerical
damping at twice the natural frequency of the system was introduced to reduce computation
time for steady state analysis. This involved first solving the model without damping,
computing the natural frequency of the system, and then solving the model again with
damping. The same mesh was utilized for all simulations. Forces were applied to different
mesh elements depending upon the transducer configuration, and tissue properties were
applied to different elements depending upon the lesion size being modeled. There were
7440 elements in the mesh. The run times were anywhere from XX to YY minutes on a 450




MHz Pentium PC.

Results

In order to simplify the presentation of quantitative results, in many cases only the displace-
ment profiles along the axial extent of the tissue are given, as computed at 20 milliseconds
after force initiation (Figure 3, bottom row). This provides a reasonable interpretation of
the differences in the displacement profiles because in the absence of a lesion, the lateral ex-
tent of the displacement profiles do not vary considerably for different tissue and transducer

parameters.

The displacements in normal breast tissue are largest along the central axis of the transducer
just in front of the focal point (first column of Figure 3). The peak displacement in this
simulation was 2.8 microns, and the lateral extent of the motion (i.e. the lateral distance
off axis where the displacement dropped to 50% of the peak) was 1.7 mm. The second
column of Figure 3 provides the corresponding example when a 0.5 cm diameter lesion that
is forty times more stiff than the surrounding tissue is present (i.e. Young’s modulus of
400 kPa). Note that in this case, the lesion moves as a rigid body, and thus the lateral
extent of the motion is much larger (3.9 mm), and the peak displacement is much smaller
(0.9 microns). These figures suggest that clear, quantifiable differences exist between the

displacement patterns generated in the presence or absence of a lesion.

Effect of Increasing Force: The simulations show a linear relationship between force and
magnitude of displacement throughout the entire three-dimensional volume. Figure 4 illus-
trates peak displacement as a function of radiation force, clearly indicating that displacement

increases linearly with force.

Effect of Breast Tissue Stiffness: Figure 5 indicates that the more stiff the baseline tissue
is, the lower the maximum displacement will be for a given force. As is expected in an elastic
medium, Figure 5 also shows that stiffness and displacement are inversely proportional to

each other.

Effect of Transducer Configuration: For each transducer configuration, the shape of
the displacement pattern in normal breast tissue was similar to the shape of the associated
intensity field (Figure 6). Figure 7 illustrates the shape of the intensity fields produced
by the various transducer configurations (i.e. the 0.1 level contour of Figure 1 for each




configuration), and Table 1 provides the normalized intensity values for each configuration.
The axial displacement profiles generated by the different transducer configurations are pre-
sented in Figure 8. Both the largest peak displacement, and the smallest axial extent of
the displacement profile were produced with the 2D transducer. For the linear transducer,
the axial extent of the displacement profiles increased with increasing f-number, whereas the
peak displacements decreased with increasing f-number. This trend was apparent in all but
the comparison between the F/1 and F/1.5 cases, in which the profiles are similar along the
axial extent of the F/1 profile, but the F/1.5 configuration exhibits a longer axial extent,

with a larger maximum displacement.

Effect of Lesion Stiffness and Size: Figures 9 and 10 demonstrate the different displace-
ment patterns associated with different lesion sizes and stiffnesses for the 2D transducer.
Figures 11 and 12 provide the same information for the linear-F/1 transducer. Note that
for both transducers, in the absence of a lesion, the dimensions of the displaced tissue follow
the contours of the radiation force field, with the largest axial displacement near the focal
point. In the presence of a lesion, the displacement patterns vary depending upon lesion size
and Lesion-to-Tissue-Stiffness Ratio (LTSR). In the cases where the LTSR is 10 or more,
the entire lesion is displaced as a rigid body. The larger the LTSR, the more uniform the
displacement across the lesion becomes. For smaller lesions, the required LTSR for rigid
body motion decreases.

There are considerable differences in the displacement patterns generated by the linear-F/1
and 2D transducer configurations for the 0.5 cm diameter lesion. The 2D intensity field is
completely contained within the 0.5 cm diameter lesion, however the linear-F /1 intensity field
extends beyond the lesion boundaries (Figure 7). The displacement profile for the linear-F/1
transducer exhibits a large displacement in front of the proximal lesion boundary, resulting
from the material stiffness change within the intensity field (Figure 12). This effect is not
present in the 2D case, where the intensity field is completely contained within the lesion
(Figure 10).

A series of a simulations was also run in which both the breast tissue stiffness and the
lesion stiffness were modified, but the LTSR was held constant (i.e. an LTSR of 10 was
run for the following lesion and tissue stiffnesses, respectively: 100 and 10 kPa, 50 and 5
kPa, and 200 and 20 kPa). The LTSR’s investigated were 10 and 20. Although the percent
change in maximum displacement between normal breast tissue and the same tissue with
an embedded lesion varied with the stiffness of the breast tissue, the trends with respect
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to increasing LTSR were consistent. The greater the LTSR, the greater the difference in
maximum displacements between the lesion and normal breast tissue cases.

Timing Issues: The response of tissue when exposed to radiation force is an initial large
displacement followed by a slowly increasing or creeping displacement (Figure 13). The
temporal extent of the initial large displacement varies with the presence or absence of a
lesion, the size of the lesion, and the relative stiffness of the lesion and the surrounding tissue
(LTSR). In order to quantify this initial ramp up time, an effective time constant is defined
to be the time the tissue takes to reach 70% of its displacement at 20 milliseconds. This
ranges from 2 to 5 milliseconds for the cases shown in Figure 13.

Another series of simulations was performed in which the force was removed after 20 mil-
liseconds of application, in order to evaluate relaxation time. This set of simulations was
run without damping. For the purpose of this discussion, the relaxation time is defined to
be the time it takes for the displacement to decrease to 70% of its maximum value. Fig-
ure 14 portrays the relaxation times associated with normal breast tissue of varying stiffness.
The results indicate that relaxation time decreases with increasing stiffness, with the short-
est relaxation time being 0.2 milliseconds (E=18kPa) and the longest being 1 millisecond
(E=1kPa).

Discussion

Both elastography methods and Remote Palpation are intended to image variations in tissue
stiffness. Therefore, much of the research performed during the development of elastography
is applicable to Remote Palpation, including: methods for information display, and measure-
ments of tissue stiffness. The fundamental difference between the proposed Remote Palpation
imaging method and elastography lies in the forcing function. In elastography, images of
strain (the derivative of displacement) due to external, global force application are gener-
ated [1, 8, 9, 10]. In Remote Palpation, localized forces are generated deep within the tissue.
This results in several potential advantages for the Remote Palpation method. Elastography
images have been shown to suffer from signal decorrelation due to tissue compression (on
the order of several hundred microns) [23|, whereas the signal decorrelation resulting from
Remote Palpation displacements (tens of microns) will be negligible. In addition, elastogra-
phy imaging is susceptible to artifacts arising from varying boundary conditions. Because
the forces used in Remote Palpation will be applied over small, localized volumes of tissue
within the breast, the boundaries are effectively infinite.




The resolution of elastography systems is dependent upon several variables, including: trans-
ducer parameters, signal-to-noise ratio, pulse length and kernel size used for the tracking
algorithm, the stiffness of tissue, and the size and relative stiffness of lesions (LTSR). In
addition to the above factors, the resolution of Remote Palpation imaging systems will be
dependent upon the shape and size of the intensity field (Figure 6). The simulations indicate
that the smallest volumes of displaced tissue, as well as the largest peak displacements, are
achieved with the 2D transducer in normal breast tissue. This was expected because this
transducer has the smallest intensity field (Figure 7). In addition, the 2D transducer has
more elements, which cover a larger surface area, thus the 2D transducer generates larger
forces than the linear transducer (see Table 1). Where a 2D transducer is not available, the
results indicate that an F/1 configuration is preferable, given its larger forces and smaller
volumes as compared to larger f-number configurations.

Remote Palpation will be implemented clinically by multiple sequential applications of ra-
diation force at different locations throughout a two-dimensional region of interest, using
a single diagnostic transducer to both generate the required radiation force and track the
resulting displacements. At each force location, a series of low intensity, spatially distributed
"tracking lines’ will be fired and stored for reference. Then a series of high intensity 'pushing
lines’ will be fired along a single line of flight in the center of the tracking lines, which will be
the source of the localized radiation force. These pushing lines will be fired for 5 milliseconds
in order to accommodate the initial displacement ramp-up time (Figure 13). Finally, another
series of tracking lines will be fired. These tracking lines will be interspersed with pushing
lines, in order to avoid relaxation of the tissue, which will occur within a few milliseconds of
the removal of radiation force (Figure 14). Each tracking line will be divided into sequen-
tial axial search regions, and the cross correlation between the reference lines and tracking
lines will be computed in order to determine the tissue motion in each region. Correlation
based methods are the accepted standard for tracking displacements in sequential ultrasonic
images [8, 9, 24].

In the implementation of Remote Palpation, a significant issue is whether or not it is feasible
to use a single transducer to both generate the radiation force and track the resulting dis-
placements. This would be advantageous for several reasons. First, it would facilitate ease
of clinical implementation, possibly as an option on conventional diagnostic systems. Sec-
ond, it would allow direct correlation of Remote Palpation images with conventional B-mode
images. Finally, it would avoid the considerable challenges associated with aligning multi-
ple transducers. The primary challenge for single transducer implementation is generating




enough force to produce detectable displacements. The definition of a 'detectable displace-
ment profile’ is dependent upon the sensitivity of the displacement tracking algorithm. The
theoretical lower limit on the distance that can be tracked using correlation based algorithms
can be estimated using the Cramer-Rao Lower Bound [25]. Assuming a good Signal-to-Noise
Ratio (40 dB), and a high correlation between the reference and tracking lines (0.998), the
estimated lower limit on the distance that can be tracked during Remote Palpation is 0.5
microns. Therefore, in order to achieve reasonable resolution, peak displacements of at least
five microns would be desirable.

The displacement magnitudes that will be achieved in vivo are clearly dependent upon the
Young’s modulus of breast tissue (Figure 5). This is a challenging parameter to characterize
that has been attempted by only a few researchers. The reported numbers for normal breast
tissue range from 1 to 18 kPa [1, 2, 22]. This variability suggests that the radiation force
that will be necessary to achieve peak displacements of 5 microns in normal breast tissue in

vivo will be anywhere from a factor 0.5 to 8 times what was assumed in these simulations.

The LTSRs utilized in these simulations are consistent with measurements reported for
diseased and normal breast tissue [1, 2, 22]. These reports suggest that compression of the
tissue results in considerable increases (a factor of 5) in the apparent Young’s modulus of
diseased tissue, but does not affect the Young’s modulus of normal breast tissue [2]. For
smaller lesions (0.5 cm diameter), rigid body motion was achieved for all of the LTSRs
investigated. However, for the larger lesion, with an LTSR of 5, and to a lesser extent 10,
rigid body motion was not achieved (Figures 10 and 12). Therefore, it may be useful to
apply compression prior to Remote Palpation implementation.

Equation 1 indicates that increases in radiation force over that used in the simulations will
occur with increases in absorption of tissue, decreases in the speed of sound in tissue, and
increases in the intensity field generated by the transducer. In addition, a significant source
of increased radiation force that is not modeled by Equation 1 is that of nonlinear propa-
gation. Although Equation 1 does not indicate a dependence between pressure amplitude
and radiation force, several researchers have demonstrated that there is an increase in ra-
diation force associated with increasing pressure amplitude, due to nonlinear propagation
[11, 19, 20]. For the same temporal average intensity, a wave with higher pressure amplitude
and shorter pulse duration generates a larger radiation force than does a lower amplitude,
longer duration wave. This is due to the higher order harmonics generated by nonlinear

propagation, which result in an increase in absorption [11, 19, 26, 27]. We have observed




increases by a factor of 2.6 in breast applications in vivo [20]. For a thorough theoretical
treatment of nonlinear enhancement of radiation force, the reader is referred elsewhere [11].

Nonlinear propagation could be incorporated into the model presented herein, by modifying
Equation 1 [19, 27]:

2

c n

where n represents the harmonic number. Thus, given an estimate of the intensity of each
harmonic at a given point in space, the contribution of the energy in the harmonics can be
accounted for. Incorporation of these effects would result in a nonlinear relationship between
pressure amplitude and radiation force, in addition to modifying the shape of the intensity
contours, due to the preferential generation of harmonics within the focal region [28, 29, 30,
31]. However, incorporation of these effects would not alter the linear relationship between
force and displacement demonstrated in Figure 4.

The simulations were performed assuming a peak in situ intensity of 90 W/cm?, which
resulted in a peak displacements of 1.2 microns within 20 milliseconds for the linear-F/1
transducer. Given the linear relationship between displacement and force (Figure 4), and
the desired peak displacement of at least 5 microns, four times this intensity is desirable
(assuming the values used for absorption, sound speed and Young’s modulus of tissue are
valid). When the enhancing effects of nonlinear propagation are accounted for (an increase
of 2.6), the required increase drops to 1.5 (or 135 W/cm?).

There are two potential challenges associated with these intensity levels: 1) they exceed the
FDA limit for diagnostic intensity levels, and 2) they may approach the maximum power
output of currently available diagnostic scanners. The FDA currently limits the spatial peak
temporal average intensity to 0.72 W/cm? in situ, in order to avoid potential tissue damage
due to heating. However, this limit was determined assuming an indefinite application
time. The simulations indicate that the force need only be applied for 5 milliseconds. Short
duration, high intensity acoustic pulses were not foreseen in the development of the FDA
limit. A more appropriate thermal safety indicator for this type of pulse can be determined
using Equation 4, which predicts the temporal average intensity (I in W cm™2) that would

be required to generate a lesion, or burn, due to ultrasound exposure in a given time period

(t, in seconds) [32]:
I=10% 1/189. (4)

Assuming a 5 millisecond application time, 1400 W/cm? would be required to cause thermal
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damage. This provides a safety factor of 10 over what may be required for Remote Palpation.
However, Equation 4 is reported to be valid for frequencies in the low MHz range (i.e. less
than 10 MHz). Given the increase in absorption associated with nonlinear propagation,
it is likely that this temporal safety estimate will decrease due to harmonic generation.
Under linear conditions, (i.e. neglecting the anticipated factor of 2.6 increase in radiation
force from nonlinear propagation, thus requiring an intensity of 350 W/cm? for 5 msec)
Equation 4 predicts a safety factor of 4.

The question of the maximum power output from diagnostic scanners is complex. Because
the FDA limits are considerably lower than the maximum capacity of current diagnostic
scanners, manufacturers do not quantify this parameter. After modifying the system soft-
ware to remove the built-in safety features, we have measured spatial peak temporal average
intensities from the 75L40 array on our Elegra scanner that correspond to in vivo values of
10.0 W/cm?. Simulations indicate that the 2D 8x128 transducer will be capable of gener-
ating three times this amount (Table 1); only 4.5 times more power is required for Remote
Palpation implementation. Development of diagnostic transducers capable of generating the
required intensities seems plausible in the near future. Manufacturers are actively pursuing
the development of more powerful diagnostic transducers for other applications, including
harmonic and contrast imaging. The product of these efforts may be suitable for the clinical
implementation of Remote Palpation.

Assuming the required force values can be achieved, the simulations indicate that Remote
Palpation has considerable promise. Clear, quantifiable differences in displacement patterns
exist in the presence or absence of lesions (Figures 9 through 12). The shape of the axial
displacement profile for normal breast tissue using the linear-F/1 transducer is notable (Fig-
ure 12). The linear decrease in displacement along the axial extent of the profile results from
the fact that as the tissue farther from the transducer is compressed, the proximal tissue is
increasingly displaced to facilitate this motion. This linearly decreasing displacement profile
is indicative of constant strain in this region, and is similar to profiles observed in elastog-
raphy, where compression of the tissue is applied globally. This type of profile is not nearly
as apparent for the 2D transducer (Figure 10), because in this case the axial extent of the
radiation force field is much smaller (Figure 7).

Interestingly, a considerable increase in displacement occurs immediately proximal to a tis-

sue/lesion interface when this interface lies within the radiation force field (Figure 12, 0.5
cm diameter lesion). This type of profile is consistent with those seen in elastography. In the
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instance that the intensity field is completely contained within the lesion (i.e. Figure 12, 1.0
cm diameter lesion), the shape of the axial displacement profile does not differ considerably
from that in normal tissue. However, in this case the magnitude of displacement is greatly

decreased, thus comparison with surrounding tissue will indicate the presence of a lesion.

The implications of the assumptions made in the finite element analysis should not alter
the trends observed herein. The temporal behavior of tissue may vary slightly due to the
assumption of a numerically damped elastic medium, as opposed to a visco-elastic medium.
The assumption of axial symmetry of the intensity field allowed accurate mesh generation of
spatially complex intensity field contours while providing a three-dimensional solution. This
could result errors in the estimation of the volume of the radiation force field in the elevation
dimension for high f-number configurations. However, given that the lateral and elevation
dimensions are an order of magnitude smaller than the axial dimension, this will have only
a slight impact on the displacement profiles.

Conclusion

The simulations presented herein provide the framework for the design of a Remote Palpation
imaging system. For a clinically relevant range of elastic moduli and lesion sizes, considerably
different displacement patterns were generated. Peak displacements of several microns were
observed. The forces required to generate these displacements are higher than those currently
used in diagnostic ultrasound. They should not pose a danger to the patient due to their short
duration, however, they may require the design of custom transducers. Most manufacturers
are actively pursuing the development of more powerful diagnostic transducers, therefore
it is plausible that future diagnostic transducers will be capable of generating the required

forces.

The simulations indicate that a two-dimensional array is preferable to a linear array for the
implementation of Remote Palpation. A 2D array provides more force, a smaller intensity
field volume, and the ability to focus the intensity field in both the lateral and elevation
dimensions. The displacement timing suggests that radiation force pushing beams should
be applied for 5 milliseconds, and following this, tracking lines should be interspersed with
pushing lines to avoid tissue relaxation during the tracking sequence. While further research
is required to investigate the thermal and power issues, Remote Palpation as proposed herein

appears to have considerable clinical potential.
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Configuration Scale Factor

2D 3.23
Linear-F/1 1.00
Linear-F'/1.5 0.54
Linear-F/2 0.33
Linear-F'/2.5 0.23
Linear-F/3 0.17

Table 1: Normalized peak intensity values for each transducer configuration. The higher the
f-number, the fewer the elements; thus for the linear transducer lower f-numbers have larger
scale factors. The 2D array has more total surface area than any of the linear configurations,
and thus it has the largest scale factor.
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Figure 1:

Figure 2:

Figure 3:

Figure 4:

Figure 5:

Figure 6:

Simulated contours of constant temporal average intensity generated by FIELD_II.
The transducer is on the left side of the page. This plot also portrays two lesion
boundaries (0.5 and 1.0 cm diameter, the dashed lines). The intensity field values
of the contours were normalized to the peak value; contours represent levels of 0.9,
0.5, and 0.1 the peak value. After meshing, these contours were ’spun’ about the x
(axial) axis to generate a three dimensional mesh.

Top: Finite element mesh used for the linear transducer. The transducer is on the
left (back) side of the page, with its axial dimension along the central axis of the
mesh. This mesh was generated by first meshing the contours shown in Figure 1, and
then spinning that mesh 90 degrees about its x-axis. The diameter of the resulting
hemisphere is 5 c¢cm, and is intended to represent an effectively infinite boundary
condition. This mesh was constrained on the distal quarter of the surface of the
hemisphere (the right (front) side of the page), in order to simulate a breast resting
on a concave table, opposite the transducer. Bottom: This is a magnified version of
the central plane of the mesh, showing the the increased element density in the focal
region, the radiation force field contours for the linear-F/1 transducer configuration,
and the outline of a spherical 1.0 cm diameter lesion.

Displacements resulting from radiation force application using the 2D transducer.
The top row illustrates displacements across the entire mesh, whereas the middle
row shows only the center 2 cm. The contour levels in the middle row range from 0.3
to 2.8 microns, in increments of 0.06 microns. The bottom row provides quantitative
displacement values along the central axis of the transducer. The transducer is on
the left side of these images. Left column: Displacement pattern in normal breast
tissue (Young’s modulus of 10 kPa) after 20 milliseconds of force application. Right
column: Corresponding displacement images in the presence of a 0.5 cm diameter
lesion with a Young’s modulus of 400 kPa. The location of the lesion has been
highlighted in gray.

Peak axial displacement for different radiation force levels assuming a Linear-F/1
transducer configuration and normal breast tissue with a Young’s modulus of 10kPa.
Top: Axial displacement along the central axis versus stiffness of normal breast
tissue, assuming a Linear-F/1 transducer configuration. Bottom: Breast stiffness
versus the inverse of the peak displacement, at 20 msec after the initiation of radi-
ation force application.

Magnified view of contours of displacement (dashed lines) in normal breast tissue
(E=10kPa), for the 2D transducer (top), and the Linear-F'/1 transducer configura-
tion (bottom). The outer boundary of the associated intensity field (i.e. the 0.1
level contour of the intensity field) is superimposed on each figure as a solid black
line. The contours are normalized; each level represents a 10% decrease in displace-
ment from the maximum. Note that the shape of the displacement contours are
similar to the shape of the intensity fields: the 2D contours are more symmetric
about the focus, whereas the Linear-F/1 contours exhibit an asymmetry along the
axial dimension, with larger displacements occurring in front of the focus (i.e. closer
to the transducer on the left side of the page).
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Figure 7:

Figure 8:

Figure 9:

Figure 10:

Figure 11:

Figure 12:

Figure 13:

Figure 14:

Outer boundary of the radiation force fields for different transducer configurations
(i.e. the 0.1 level contours of the intensity fields). Note that the 2D boundary covers
a much smaller volume than the others, and that the 2D, F//1 and F/1.5 boundaries
are considerably more saddle-like than the higher f-numbers. Note also the different
scales on the two axes.

Displacement along the central axis of the tissue versus transducer f-number, as-
suming normal breast tissue with a Young’s modulus of 10 kPa.

Contours of displacement for different lesion sizes and stiffnesses using the 2D trans-
ducer. The contour levels range from 0.3 to 2.8 microns, in increments of 0.06 mi-
crons. The Young’s modulus of normal breast tissue is 10 kPa. In the cases where
a lesion is present, its shape has been highlighted in gray. Displacement values are
quantified in Figure 10.

Axial displacement along the central axis of the 2D transducer for different lesion
sizes and stiffnesses corresponding to the results in Figure 9. The Young’s modulus
of normal breast tissue is 10 kPa, and the lesion diameters are 0.5 and 1.0 cm with
varying Young’s moduli (50, 100 and 400 kPa). The legend notation indicates lesion
diameter (cm)/lesion Young’s modulus (kPa).

Contours of displacement for different lesion diameters and stiffnesses using the
linear transducer in an F/1 configuration. The contour levels range from 0.3 to
1.2 microns, in increments of 0.03 microns. The Young’s modulus of normal breast
tissue is 10 kPa. In the cases where a lesion is present, its shape has been highlighted
in gray. Displacement values are quantified in Figure 12.

Axial displacement along the central axis of the linear-F/1 transducer for different
lesion sizes and stiffnesses corresponding to the results in Figure 11. The Young’s
modulus of normal breast tissue is 10 kPa, and the lesion diameters are 0.5 and
1.0 cm with varying Young’s moduli (50, 100 and 400 kPa). The legend notation
indicates lesion diameter (cm)/lesion Young’s modulus (kPa). The axial extent of
the radiation force field is larger than the lesion diameter in the case of the 0.5 cm
diameter lesion, which results in large displacements immediately in front of the
lesion.

Top: Displacement along the central axis of the linear-F/1 transducer in normal
breast tissue (Young’s modulus 10kPa) through time. Bottom: Displacement at the
focal point of the linear-F/1 transducer (i.e. x=0 on the top plot) through time for
different types of tissue. Note that although the ramp up time varies, after 20 msec
each case is near its steady state displacement.

Normalized displacement at the focal point of the linear-F/1 transducer through
time for normal breast tissue of different Young’s moduli. The force function in this
simulation was a ramp up in 2 msec, held for 20 msec, and then turned off. These
simulations were run without damping.
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